Abstract: Combined two-photon fluorescence microscopy and femtosecond laser microsurgery has many potential biomedical applications as a powerful "seek-and-treat" tool. Towards developing such a tool, we demonstrate a miniaturized probe which combines these techniques in a compact housing. The device is 10 × 15 × 40 mm 3 in size and uses an aircore photonic crystal fiber to deliver femtosecond laser pulses at 80 MHz repetition rate for imaging and 1 kHz for microsurgery. A fast two-axis microelectromechanical system scanning mirror is driven at resonance to produce Lissajous beam scanning at 10 frames per second. Field of view is 310 µm in diameter and the lateral and axial resolutions are 1.64 µm and 16.4 µm, respectively. Combined imaging and microsurgery is demonstrated using live cancer cells. subsurface cortical blood vessels using ultrashort laser pulses: Three models of stroke," Nature Methods 3, 99-108 (2006 
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Introduction
In recent years, femtosecond laser microsurgery (FLMS) has emerged as a superior technique for ablation of cells and subcellular structures and offers the highest precision for microsurgery in three-dimensional (3D) tissue [1] [2] [3] [4] . In FLMS, laser absorption is confined to the focal volume as a result of nonlinear interactions. The high peak intensities and short time duration of the pulses lead to efficient and rapid ionization of tissue before energy can be lost to heat diffusion. As a result, femtosecond lasers require much less energy for ablation and lead to significantly less heating of surrounding tissue (especially for repetition rates < 1 MHz) when compared to ablation with nanosecond or longer duration laser pulses [3, 5] .
Owing to these advantages, FLMS has been gradually moving from the laboratory to the physician's office, most notably in ophthalmology, where femtosecond laser systems produced by IntraLase Corp. have been clinically used for LASIK surgery since 2003 [6] .
To fully realize the potential of FLMS in many clinical applications, however, it must be guided and monitored by an equally precise and penetrating 3D imaging technique, such as two-photon microscopy (TPM) [7] [8] [9] . Two-photon microscopy utilizes near infrared (NIR) femtosecond laser pulses similar to FLMS and provides similar advantages, such as inherent optical sectioning and penetration depth in excess of 1 mm [10, 11] . By combining FLMS with TPM, physicians can guide precise surgical tools with microscopic imaging capabilities deep inside scattering tissue. Indeed, the use of femtosecond lasers for both imaging and manipulation of biological samples has been demonstrated in laboratory settings using large table-top systems [12] [13] [14] [15] [16] . This combined tool can be used for diagnosis and treatment of various diseases as well as for in vivo monitoring of disease progression.
Many potential clinical applications of FLMS and TPM require packaging these systems in a small and flexible device. Miniaturized two-photon microscopy probes have been developed since 2001 [17] , primarily for neurological research [18] [19] [20] , though recently probes have been developed toward clinical examination of diseased tissue [21, 22] . To date, there have been no known flexible probes for FLMS, due to the difficulties of delivering high peak intensities through optical fibers and miniature optics caused by nonlinear effects and material damage. In this work, we present a new miniaturized probe that addresses these challenges and serves as a first step towards a clinical TPM/FLMS endoscope.
Results

Probe design
The design of the probe, shown in Fig. 1 , enables both nonlinear optical imaging and microsurgery. The major components of the probe are an air-core photonic crystal fiber (PCF) (Fig. 1(c) ), two-axis microelectromechanical systems (MEMS) scanning mirror ( Fig. 1(d) ), miniature relay lens system, and gradient index (GRIN) objective lens. These components provide the advantages of compact size and the ability to handle high peak intensity laser pulses to enable FLMS and TPM in a miniaturized system. This design uses the same optical pathways for both microsurgery and fluorescence excitation, thus providing visualization and guidance at the exact location of ablation. Though several of these optical components have been utilized in previous miniature two-photon microscope designs, the incorporation of amplified high peak-intensity pulses for microsurgery led to a design that not only enables FLMS, but it improves imaging capabilities as well. Specifically, (1) the air-core fiber allows delivery of high peak intensity femtosecond pulses for microsurgery, (2) the relay lenses image the scanning mirror to the back aperture of the objective lens, thus providing a large field of view (FOV) with uniform excitation, (3) the use of individual relay lenses avoids the internal foci that occur in multiple pitch length GRIN relay lenses, thus allowing for delivery of high peak intensities without material damage [23] , (4) the relay lenses also expand the beam, thus allowing the use of a small and fast MEMS scanning mirror for high frame rates, while still overfilling the objective lens aperture for improved resolution, (5) both axes of the MEMS scanner are driven at resonance, allowing the use of low driving voltages to scan large FOV, and (6) the collection pathway is separated from the excitation fiber and uses a large numerical aperture (NA) fiber, providing improved collection efficiency. An air-core PCF (one meter long, Air-6-800, Crystal Fiber A/S) delivers femtosecond pulses for both imaging and microsurgery into a 10 × 15 × 40 mm 3 Delrin ® housing (see Fig.  1(c) ). Pulses for imaging (at 80 MHz repetition rate from Mai Tai, Spectra Physics) were delivered at the minimum-dispersion wavelength of the PCF near 753 nm. The pulse duration was measured to be 152 fs after the fiber for a 117 fs input pulse duration using a homebuilt interferometric autocorrelator. Pulses for microsurgery (at 1 kHz repetition rate from Spitfire, Spectra Physics) were delivered near 780 nm, the operation wavelength of the chirped pulse amplifier. Microsurgery pulses were prechirped using the compressor in the amplifier to compensate for the fiber dispersion at this wavelength, resulting in a pulse duration of 178 fs exiting the fiber. The beam coming out of the fiber was collimated by a gradient index (GRIN) lens (0.46 NA, 1.8 mm diameter). The fiber tip and its collimating lens were held in a micropositioning stage that was aligned to send the collimated laser beam into the probe housing.
The laser beam is scanned inside the probe housing using a two-axis gimbal MEMS scanning mirror driven by vertical electrostatic combdrives (see Fig. 1(d) ) [24, 25] . The reflective surface of this mirror is bare silicon, which provides a reflectance of ~30%. The 500 × 500 μm 2 mirror exhibits resonance frequencies of 1.54 kHz and 2.73 kHz. Maximum optical beam deflections of ±10.5° for the outer axis and ±10° for the inner axis are achieved by driving the mirrors with sinusoidal voltage signals at their resonant frequencies using peak voltage values of 80 volts. The corresponding number of resolvable spots, a key figure of merit for scanning devices, is approximately 172 x 232 for this device [26, 27] . The collimated beam on the scanning mirror is imaged onto the back aperture of a GRIN lens (0.46 NA, 210 μm working distance, and 1.8 mm diameter) through an aspherical lens pair which also serves as a 3.4× beam expander. The total group delay dispersion contribution from the miniature optics in the probe is estimated to be ~1230 fs 2 , similar to that of standard microscope objectives used in two-photon microscopy [28] .
Maximum power that could be delivered at the sample is limited to 120 mW near the 753 nm imaging wavelength. The total transmission efficiency of the probe is about 12% as a result of a ~65% coupling efficiency of the fiber, the ~30% reflectance of the MEMS mirror, and the insertion losses of the remaining optics. For the microsurgery laser, the maximum pulse energy deliverable to the sample was found to be 350 nJ, above which the laser intensity at the entrance to the photonic crystal fiber began to damage the fiber and decrease coupling efficiency. The power at the sample for both lasers can be increased in the future through use of a metallic-coated MEMS mirror. The deliverable energy of the microsurgery laser can also be increased in the future through additional pre-chirping, thus decreasing further the peak laser intensity during fiber coupling.
Fluorescence emission is collected by a 2-mm core plastic optical fiber (0.51 NA). The collection fiber is positioned directly behind a 5 × 5 mm 2 dichroic mirror which reflects wavelengths above 715 nm. The collected fluorescence is delivered through 1 meter of the fiber and focused into a photomultiplier tube (H7422-40, Hamamatsu) by a 4 mm focal length lens with a Schott BG38 filter blocking scattered laser light.
For imaging, the laser beam is scanned in a Lissajous pattern by a LabView ® program driving both axes of the MEMS mirror at resonant frequencies with sinusoidal voltage signals [17, 20, 29] . The emission signal is collected at 1 MHz rate (1 μs dwell time per pixel) and processed in real-time to display a 256 × 256 pixel image at 10 frames per second (fps). The program also incorporates a variable pixel delay to compensate for phase delay between the driving voltage and the acquired signal, as well as phase delay between mirror axes. Further improvement of the images can be achieved during post-processing through frame averaging and spatial filtering. Low-pass spatial filtering using a fast Fourier transform (FFT) algorithm and a 1.2 cycles/μm cut-off frequency in the x and y directions effectively eliminates isolated pixels which are not sampled during the Lissajous scan and appear as sub-resolution zerovalue pixels aligned in vertical and horizontal rows in the center of the image [30, 31] . The cut-off frequency was based on the measured resolution of the system, so as to not filter out any useful signal, similar to the filtering implemented in Dickens et al.
[30]
Imaging characterization
The size and curvature of the FOV was investigated by imaging 1 μm fluorescent beads (Invitrogen) deposited onto a microscope slide. This provided a fairly uniform and flat sample, which was translated by piezoelectric stages in the x and y directions during imaging to calibrate image scale. Using peak driving voltage to the MEMS between 20 -80 volts, the diameter of the FOV could be varied between 36 -310 μm. The maximum FOV is shown in Fig 2(a) . The limiting aperture for the maximum FOV was found to be the clear aperture of the second relay lens in the beam path. We observed a fairly constant intensity over much of the field. The resolution of the probe was measured experimentally by imaging 100 nm fluorescent beads (Invitrogen) in an agar gel across a 100 μm FOV to obtain the 3D two-photon pointspread function (PSF). The full widths at half-maximum of the Gaussian fits to the bead images ( Fig. 2(b) ) were found to be 1.64±0.09 μm and 16.4±1.0 μm, for lateral and axial dimensions, respectively. The measurements were averaged across 10 beads and the reported errors correspond to the standard error of the mean. The extended axial resolution has been previously attributed to spherical aberration from the GRIN lens and is similar to what has been observed in other studies [19] [20] [21] [22] 32] .
Using the probe, two-photon images of fluorescently-labeled pollen grains (30-4264, Carolina Biological Supply Co.) were used to demonstrate the resolving power of probe at the micrometer scale, and can be seen in Fig. 2(c) .
Cellular imaging and microsurgery
The combined imaging and microsurgery capabilities of the probe were demonstrated using breast carcinoma cells (MDMBA468) grown in a single cell layer and labeled with the fluorescent cell viability dye, calcein AM. During these experiments, the cells were imaged before and immediately following ablation. For microsurgery, the flipping mirror that directs the imaging beam was lowered to direct the microsurgery beam into the fiber while the imaging laser was blocked. The MEMS mirror was static and undeflected during microsurgery, thus targeting the center of the FOV. By bringing the microsurgery beam collinearly with the imaging beam and triggering it through the imaging program, simultaneous imaging and microsurgery of off-axis targets is also possible with this system.
Figures 3(a) and 3(b) present two-photon images before and after femtosecond laser microsurgery with a single pulse at 280 nJ pulse energy. Ablation of the targeted cell is evidenced by the loss of its fluorescence signal, where the abrupt signal loss suggests that the membrane of the targeted cell was ruptured, releasing all of the calcein dye. In this set of experiments, the pulse energy was increased incrementally from 160 nJ until loss of cellular fluorescence was observed at 280 nJ. Ablation using this energy level was found to be very repeatable. As only a single laser pulse was used in this experiment, we expect that the loss in fluorescence is due to ablation rather than photobleaching of the calcein inside the cell. Because the cells are much larger (~15-20 μm diameter) than the focal spot, longer exposures would be necessary to photobleach the total volume of the cell. Note that the high precision of fs-laser ablation allowed disintegration of the target cell while adjacent cells remain intact. The same FOV as (a), immediately after irradiation with a single pulse at 280 nJ pulse energy. Average laser power used for imaging in both images was 10 mW. Both images were averaged over 5 seconds at 10 fps and spatially filtered. Note that the targeted cell has lost fluorescence while the cell touching the targeted cell is left intact. Scale bars are 20 μm.
We also investigated two-photon imaging and ablation of cells within a three-dimensional (3D) tissue phantom consisting of breast carcinoma cells embedded in a collagen matrix. Cells were labeled using calcein AM and imaged using 17 mW average power measured at the sample. Axial steps of 6.6 μm were made by moving the sample on a piezoelectric stage. Figure 4 presents images where a cell approximately 125 µm deep was targeted for ablation. Here, 5000 pulses at 213 nJ per pulse were used as the scattering collagen media reduces the total energy reached to the focal plane. In this case, we again observed the immediate loss of cellular fluorescence after irradiation with the microsurgery laser while the cells closest to the target remain intact. Because the targeted cell is completely embedded in collagen, which restrains the motion of cells in 3D, these experiments show that the immediate loss of fluorescence upon irradiation is due to ablation at the cell and not displacing the cell out of the FOV.
Discussion
The single-pulse cellular ablation demonstrated with the TPM/FLMS probe in Fig. 3 compares well to cellular ablation studies conducted using high-NA table-top systems [1, 4, 33] . To compare between these studies, we can estimate peak intensities based on the focused spot size and the reported pulse duration. The spot size at the focal plane of our probe is ~3.8 μm, as calculated by multiplying the 1/e 2 width of the measured PSF by √ 2, because the PSF represents the intensity-squared distribution. Thus, the 280 nJ pulse energy used for ablation corresponds to a peak laser intensity of 14 TW/cm 2 when accounting for the spot size of ~3.8 μm and the pulse duration of ~178 fs. This intensity is comparable to the 9.6 TW/cm 2 singlepulse ablation threshold that we have found for nanosurgery in C. Elegans using a 1.4-NA objective lens [33] . Also, it is well known that the threshold for femtosecond laser ablation decreases as larger numbers of pulses are used as a result of an incubation effect. For example, when the number of pulses was increased to 1,000 in our C. Elegans nanoaxotomy study, we observed a decrease in threshold from 9.6 TW/cm 2 to 1.8 TW/cm 2 [33] . When comparing to the multiplepulse cellular ablation studies, Shen et al. . For comparison, during ablation within the collagen tissue phantom, the 5000 pulses at 213 nJ correspond to ~11 TW/cm 2 per pulse. Given the scattering that occurs within the turbid tissue-like media of the phantom, the intensity used in this experiment compares well to the intensities used in other multiple-pulse experiments. In light of these results for both single-and multiple-pulse experiments, the observed cellular ablation threshold using the TPM/FLMS probe suggests that we were able to achieve femtosecond laser microsurgery with efficiency comparable to high-NA table-top systems.
Furthermore, the laser dosages used here for two-photon imaging are estimated to be at a safe level for cell vitality, which is crucial for sensitive clinical applications (see Table 1 ). Cell viability will depend on both the incident peak laser intensity and the number of pulses at this intensity that the cell receives. Thus for comparison, the number of overlapping consecutive pulses was estimated as well as the peak intensity. The number of overlapping pulses is defined here as the laser repetition rate divided by the product of the spot size and the scanning speed. For the probe, the slow axis MEMS scanning frequency and the ~116 μm FOV of this experiment were used to arrive at a conservative estimate of scanning speed. Looking at peak intensity, the maximum average power used during cell imaging (17 mW used for imaging in the tissue phantom) corresponds to a peak intensity at the sample of ~13 GW/cm 2 , which is below the maximum peak intensities found to be safe for long term twophoton imaging in recent studies [35] [36] [37] [38] . In addition, the fast scanning speed used in the probe results in far fewer consecutive pulses delivered per spot at this intensity, which further reduces the overall laser dosage to the sample when imaging with the probe. The favorable comparison shown in Table 1 indicates that the collection efficiency of the probe is sufficiently high to enable safe cellular two-photon imaging using conventional fluorophores. 
Conclusion
In conclusion, we have developed a miniaturized TPM/FLMS probe that can perform microsurgery through precise femtosecond laser ablation and provide visualization of the operation region through two-photon imaging. This miniaturized probe measures only 10 × 15 × 40 mm 3 and serves as a flexible test bench towards development of a clinical TPM/FLMS endoscope. Imaging is accomplished by Lissajous scanning a two-axis gimbal MEMS mirror while microsurgery is accomplished using prechirped femtosecond laser pulses with energies up to 280 nJ through an air-core PCF.
Future design improvements such as a metallic-coated high reflectivity MEMS mirror and a high-NA miniature objective lens, which will provide increased power delivery and improved collection efficiency, respectively, can enable imaging of cellular autofluorescence with the probe. An increase in numerical aperture will also be beneficial for precise FLMS inside bulk tissue, where tighter focusing can help to reduce the pulse energy and avoid collateral damage arising from nonlinear affects [3] . Meanwhile, novel two-photon contrast agents, such as bright luminescent gold nanorods, can be used to reduce the required excitation power by a couple of orders of magnitude in addition to providing molecularly specific imaging [39, 40] . Improvements in axial resolution would also improve optical sectioning, and could allow for 3D imaging of tissue if paired with a mechanism for axial scanning. Several such systems have been devised, including translating individual components or the system by a micromotor, piezoelectric actuator, or MEMS device for fully automated three-dimensional imaging [20, 41] . These improvements, combined with further miniaturization through the use of smaller-diameter relay optics and optimized packaging, can lead to a powerful clinical TPM/FLMS device.
Fiber-coupled systems with near-video rate imaging and high precision surgery capabilities such as the one presented here can be used for live animal studies for developing clinical techniques. The optical design approach presented in this paper shows great promise and could find applications in such disparate fields as oncology, dermatology, and neurosurgery.
